1. Introduction {#sec1}
===============

Valvular heart diseases (VHD) such as congenital, rheumatic, and degenerative heart diseases that lead to stenosis and regurgitation in heart valves demand continuous clinical attention. In economically developed societies, it is estimated that more than 30 million people live with VHD, where the incidence increases with age \[[@bib1]\]. As an example, 1.5% of Americans and British people are diagnosed with VHD each year \[[@bib1],[@bib2]\]. Almost 75% of VHD in adults involves dysfunction of the aortic and mitral valves \[[@bib3]\]. In younger patients, 33% of congenital heart diseases are related to abnormalities of the aortic or pulmonary valves \[[@bib1]\].

Heart valve repair is often preferred to heart valve replacement when sufficient tissue remains for reconstruction. However, in many VHD, the valve replacement is unavoidable. Although transcatheter treatments and minimally invasive operations have been clinically applied to patients with VHD, the majority of valve replacement surgeries resort to open heart approaches. Overall, more than 300,000 valve replacements per annum are performed for patients with severe valvular dysfunction \[[@bib4],[@bib5]\], and there is still some hesitation in employing the transcatheter valve replacement in younger patients \[[@bib6]\]. Also, transcatheter valves are needed to be significantly reduced in thickness due to their folded design, which would be a durability challenge. To this date, only mechanical and bioprosthetic valves have been used clinically while they often resulted in inconvenience and complications relating to anticoagulant intake, immune-driven calcification, and degradation \[[@bib7]\]. Homografts obtained from human donors have also been used as alternatives for VHD, but are associated with drawbacks including the immunological response that eventually leads to structural valve deterioration, potential disease transmission, and limited supply. Somatic growth of infant and child recipients of heart valve replacement mandates several further surgeries to increase the size of the valve replacement \[[@bib8]\]. Hence, there is an unmet demand for novel materials that resemble the biomechanics of native heart valve tissue. In this regard, it is desirable that novel materials have mechanical and hemodynamic properties that are similar to native heart valves.

Multiple studies have reported the implantation of artificial heart valves in preclinical animal models using natural (e.g. collagen, silk, and fibrin) and synthetic polymeric heart valves over the last decade \[[@bib9], [@bib10], [@bib11], [@bib12], [@bib13]\]. The main objectives in these studies were to utilize a rapid manufacturing process, reduce the cost, control the degradation rate, and provide sufficient strength to endure *in vivo* conditions. The recent advances in materials fabrication such as additive manufacturing have provided opportunities for constructing complex 3D structures with predetermined properties that may be customized to the patients' needs \[[@bib14]\].

While several review articles have been published in the area of cardiovascular tissue engineering \[[@bib7],[@bib15],[@bib16]\], none has thoroughly discussed the materials and more specifically fabrication methods for artificial heart valves in a quantitative approach from an engineering perspective. Therefore, in this review, we first give an overview of human heart valves' geometries and their mechanical properties to appreciate better the complexity that exists in this organ. We then provide an insight into advances made in materials domain for designing artificial heart valves and the challenges that are encountered in translating such materials to viable products. Finally, various techniques that have been used for the fabrication of heart valves are compared, followed by a discussion on current challenges and future perspective.

2. Human heart valves {#sec2}
=====================

Every heart consists of four valves: tricuspid, mitral, pulmonary, and aortic valves ([Fig. 1](#fig1){ref-type="fig"}A). The aortic valve regulates the flow from the left ventricle to the aorta. The roles of tricuspid and mitral valves are to regulate the blood inflow from the left and right atrium into the ventricles, correspondingly. The pulmonary valve controls the outward flow from the right ventricle to the pulmonary artery. The mean circumference of normal adult tricuspid valves is ∼11.95 ​± ​1.26 ​cm ​(M) and 10.40 ​± ​1.06 ​cm ​(F) \[[@bib17]\]. The mitral valve has a saddle-shaped annulus with a local displacement of 4.8 ​± ​1.9 ​mm in normal adults and a mean circumference of ∼10.15 ​± ​1.24 (M) and 9.11 ​± ​0.86 (F) \[[@bib17],[@bib18]\]. The structures of pulmonary and aortic valves ([Fig. 1](#fig1){ref-type="fig"}B--D) are similar, and both are made from three semilunar leaflets within valve roots. Both pulmonary and aortic valves ([Fig. 1](#fig1){ref-type="fig"}B) have smaller circumferences than tricuspid and mitral valves. The circumference of pulmonary valves is ∼7.77 ​± ​0.98 (M) and ∼7.32 ​± ​0.86 (F), and that of the aortic valve is ∼7.50 ​± ​1.04 (M) and ∼6.80 ​± ​0.89 (F) \[[@bib17]\]. The leaflets of the typical adult pulmonary valves, which composed of fibrosa, spongiosa, and ventricularis \[[@bib19]\], have a width of ∼22 ​± ​4 ​mm and a height of ∼12 ​± ​2 ​mm ([Fig. 1](#fig1){ref-type="fig"}C) \[[@bib20]\]. It should be noted that the given dimensions are merely an indicative average of the valves' geometry and vary in different individuals.Fig. 1Anatomy of human heart valves (A), the pulmonary valve in opened (B) and closed positions (C). The letters *h* and *w* in (C) refer to the height and the width, respectively. Superior view of aortic heart valve (D) with scanning electron micrograph image of the aortic valve cusp in its connection point with fibrous ring (E), demonstrating collagen fibers wrapped circularly on collagen in the inner part of the fibrous ring. Transmission electron micrograph of the pulmonary valve cusp (F), representing collagen fibers in transverse and longitudinal direction, elastic fibers in transverse section, and fibroblasts. Schematic diagram of the multilayered configuration of an aortic valve cusp, showing the location of the collagen fibers in the fibrosa, the elastin sheets in the ventricularis, and the glycosaminoglycan-rich matrix of the watery spongiosa (G). A model tensile stress--strain curve showing various mechanical parameters referred to throughout this review (H). Young\'s modulus indicates the stiffness, while ultimate stress and elongation at break highlight the maximum force and deformation endured by the material prior to complete failure. Figures in Panels A--D were modified \[[@bib26]\], and Figures in Panels E--F \[[@bib25]\] and Panel G \[[@bib27]\] were adapted with permission from their publishers.Fig. 1

The main components of heart valves and their surrounding tissues (conduits) are collagen and elastin that create quite complex and highly anisotropic microstructures ([Fig. 1](#fig1){ref-type="fig"}E--G) \[[@bib21], [@bib22], [@bib23]\]. The alignment and mechanical properties of these components affect the overall mechanical behavior of heart tissues such as Young\'s modulus, ultimate strain at the break, and ultimate stress at the break ([Fig. 1](#fig1){ref-type="fig"}H). The tensile mechanical properties of heart tissues are compared in [Table 1](#tbl1){ref-type="table"}. Given the highly complex architecture of heart valves, their mechanical performance is dominated by elastin at low-stress domain and tough collagen at high-stress region ([Fig. 2](#fig2){ref-type="fig"}). In general, both leaflet and wall tissues are stronger and stiffer in the circumferential direction than in the radial or axial directions \[[@bib24]\]. For instance, for pulmonary leaflets, the modulus in the soft elastin phase is ∼0.3 ​MPa in the radial direction and ∼1 ​MPa in the circumferential direction, while the modulus in the stiff collagen phase is ∼3.8 ​MPa in the radial direction and ∼15.5 ​MPa in the circumferential direction. The ultimate failure stress for pulmonary leaflets is ∼0.5 ​MPa in the radial direction and ∼1.5 ​MPa in the circumferential direction. Similar trends exist for aortic valve leaflets, where stiffness and strength are considerably larger in the circumferential direction than in the radial direction ([Table 1](#tbl1){ref-type="table"}) \[[@bib25]\]. The failure strain, a.k.a. the ultimate strain at the break, for valve leaflets is ∼30% in radial direction and ∼20% in circumferential direction. In contrast to valve leaflets, the walls are generally softer and more stretchable.Table 1Biomechanical properties of aortic and pulmonary leaflets and walls in uniaxial tensile testing. The moduli of collagen and elastin phases are shown separately \[[@bib25]\].Table 1Cardiac valved conduitStiffness (MPa)Strength (MPa)Strain at break (%)CollagenElastinAortic wall (axial)1.72 ​± ​1.090.14 ​± ​0.100.72 ​± ​0.2786.04 ​± ​15.26Aortic wall (circumferential)3.23 ​± ​0.740.19 ​± ​0.071.47 ​± ​0.6889.14 ​± ​36.95Pulmonary wall (axial)2.14 ​± ​0.700.15 ​± ​0.180.83 ​± ​0.2885.62 ​± ​27.88Pulmonary wall (circumferential)3.20 ​± ​3.950.10 ​± ​0.021.32 ​± ​1.2893.29 ​± ​23.29Aortic leaflet (radial)1.30 ​± ​0.560.04 ​± ​0.040.19 ​± ​0.0732.29 ​± ​8.18Aortic leaflet (circumferential)11.91 ​± ​7.180.36 ​± ​0.251.40 ​± ​0.5621.29 ​± ​6.86Pulmonary leaflet (radial)3.81 ​± ​3.730.33 ​± ​0.750.53 ​± ​0.3033.19 ​± ​13.78Pulmonary leaflet (circumferential)15.44 ​± ​9.721.07 ​± ​1.721.54 ​± ​0.8417.12 ​± ​5.36Fig. 2Representative tension--stretch curves of aortic valve leaflets (left) and mitral valve anterior leaflets (right), highlighting the elastin-dominant and collagen-dominant regions \[[@bib28]\]. Data presented here represent loading and unloading cycles where both curves overlap, indicating perfect recovery after deformation.Fig. 2

The hemodynamic properties of various sections of human hearts are listed in [Table 2](#tbl2){ref-type="table"}. The transvalvular pressure is the highest for the mitral position (∼120 ​mmHg), followed by aortic (∼80 ​mmHg), tricuspid (∼25 ​mmHg), and pulmonary (∼10 ​mmHg) \[[@bib29]\]. Moreover, the cardiac valves undergo an extremely complex multi-axial stress regime comprised of bending and elongation with cyclic loading of approximately 3 ​× ​10^7^ cycle per year \[[@bib30]\]. The peak shear stress applied *in vivo* to cardiac valves ranges between 0.3 and 150 ​Pa, while maximum stress \[[@bib31],[@bib32]\] reaches ​500 ​kPa with the radial and circumferential strains \[[@bib31],[@bib33],[@bib34]\] around, respectively, 40% and 10%. Note that these values vary depending on the valve position.Table 2Hemodynamic parameters for normal adult heart valves.Table 2Heart valveBlood flow rate (mL/s)Peak blood velocity (m/s)Transvalvular pressure (kPa)Wall shear stress (Pa)Aortic \[[@bib35], [@bib36], [@bib37]\]2001.210.60.5--2Mitral \[[@bib38], [@bib39], [@bib40]\]2230.71610Pulmonary \[[@bib41],[@bib42]\]1860.8--1.21.30.88Tricuspid \[[@bib43]\]n.a.0.49--0.513.3n.a.

3. Materials for artificial heart valves {#sec3}
========================================

The complex mechanical attributes of cardiac valves are a major challenge in the identification of suitable substitutes. In this section, various materials that have been used for the fabrication of heart valves at the before clinical stage are discussed with a special emphasis paid to their mechanical behavior.

3.1. Mechanical heart valves {#sec3.1}
----------------------------

Mechanical heart valves are traditionally made of rigid materials with moduli significantly higher than those of human soft tissues. Early models of caged ball valves and non-tilting disc valves were generally made of methacrylate, nylon, stainless steel, stellite (cobalt-chromium-molybdenium-nickel alloys), titanium, ultrahigh-molecular-weight polyethylene, polytetrafluoroethylene, polyoxymethylene, Silastic (Dow Corning\'s proprietary silicon rubber), and silicone rubber \[[@bib44]\]. Apart from the silicone rubber with modulus around 0.05 ​GPa, the rest of the components used in the manufacturing of caged ball valves and non-tilting disc valves had moduli exceeding 1 ​GPa. Heat treatment of silicon rubber after molding was introduced in 1968 to further cure the silicone balls and prevent lipid absorption, which resulted in deterioration and swelling of the ball in earlier models \[[@bib45]\].

The current era of bileaflet mechanical valves are mostly made of stainless steel, titanium housing or pyrolytic carbon, leaflets of graphite coated with pyrolytic carbon, and an inner ring of 100% pyrolytic carbon \[[@bib44]\]. All materials used in the fabrication of mechanical heart valves are selected for their favorable mechanical properties and biocompatibility. Specifically, pyrolytic carbon has been the biomaterial of choice for mechanical heart valves because of its resistance to surface thrombosis, superior strength (300--400 ​MPa) \[[@bib46]\] and fatigue (10^5^--10^9^ cycles under stresses near fracture stress) \[[@bib47],[@bib48]\]. Despite all desirable mechanical and biological properties, pyrolytic carbon is brittle with a fracture toughness of ∼0.9--1.46 ​MPa ​m^1/2^ \[[@bib46],[@bib49], [@bib50], [@bib51]\], which is similar to that of brittle plastics such as polystyrene. Likewise, the ultimate strain at break of pyrolytic carbon is very low (\<1%) compared to native cardiac leaflets (30--80%) \[[@bib52]\].

The most common problem associated with mechanical valves is the risk of major bleeding from excessive therapeutic anticoagulation used to reduce the risk of thrombus formation \[[@bib53]\]. The patient must receive a life-long anticoagulant treatment that increases the risk of bleeding with minor and major trauma. The use of oral anticoagulants during pregnancy in women with prosthetic valves is associated with fetal loss and congenital malformation \[[@bib54]\].

3.2. Biologically derived heart valves {#sec3.2}
--------------------------------------

Aiming to reduce the thromboembolic complications of mechanical valves, xenografts and allografts were developed as alternatives. Allografts and xenografts, compared to mechanical heart valves, have fewer issues with the platelet adhesion and formation of thrombus \[[@bib4]\].

In general, leaflet tissue ​and pericardium used as a valve substitute sourced from animals including pig, sheep, and cow ​are soft and more flexible. For instance, compared to the human aortic valve, the porcine aortic valve has lower radial and circumferential Young\'s moduli and larger elongations at break \[[@bib19],[@bib52],[@bib55], [@bib56], [@bib57], [@bib58], [@bib59]\]. Decellularization has been advocated as a way of diminishing the intensity of the host immunological response; however, the physical and chemical processes involved lead to further deterioration of the mechanical properties of the bioprosthetic valves \[[@bib25]\]. These bioprosthetic valves -- typically derived from bovine pericardium, porcine pericardium, and porcine arterial valves -- are then treated with a chemical crosslinking agent to increase their durability. The main consideration in choosing the crosslinking reagent is being low toxic while enhancing the mechanical properties, durability, and the stability of the xenograft. Examples of such crosslinkers are alginate azide, carbodiimide hydrochloride, glutaraldehyde, cyanimide1-ethyl-3(-3 dimethyl aminopropyl) adipoyl dichloride, hexamethylene diisocyanate, and glycerol.

Over the last decade, most studies in bioprosthetic heart valves have been focused on the role of galactose-α1,3-galactose (Gal), an antigen that contributes to xenograft rejection of tissues from pigs or cows by humans. McGregor et al. \[[@bib60]\] and Lila et al. \[[@bib61]\] demonstrated a link between Gal and calcification in heart valves. Also, they reported that the GT-KO (a genetically manipulated α-Gal deficient in pig pericardium), before labeled with human anti-Gal antibody, calcified less than precordium without such treatment in a rat model -- suggesting a new source of material for bioprosthetic heart valves \[[@bib61]\].

It must be noted that the presence of "non-Gal" antigens such as N-glycolylneuraminic acid (NeuGc) is equally important as removing the Gal antigens \[[@bib62],[@bib63]\]. Recently, genetically modified pigs that express neither Gal nor NeuGc have been produced and have been investigated as a potential xenograft source for bioprosthetic heart valves \[[@bib64],[@bib65]\]. Cooper and coworkers \[[@bib66]\] reviewed several genetically modified pig studies and compared the feasibility of potential genetic engineering approaches to reduce the human pathobiological responses to transplanted pig tissues. They suggested that xenoantigen deletion would be the most feasible genetic modification, though more studies were recommended \[[@bib66]\].

3.3. Polymeric heart valves {#sec3.3}
---------------------------

Polymeric cardiac valves were originally introduced in 1952 in the form of polyethylene (PE) or poly(methyl methacrylate) (PMMA) balls enclosed in a PMMA tube. Both PMMA (Young\'s modulus ∼3 ​GPa) and PE (∼1 ​GPa) are rigid polymers \[[@bib67]\] with moduli 10^2^--10^5^ times higher than those of native cardiac valve elements (∼2--15 ​kPa) \[[@bib24],[@bib68]\]. Later, the trileaflet polymeric valves were evolved as cardiac valve substitutes that better resembled the native geometries, hence could be hemodynamically more effective. The critical parameters in selecting suitable materials for polymeric heart valves include robust mechanical properties to retain structural integrity over repeated cyclic loading--unloading (e.g. negligible creep, high toughness, self-recovery), life-long anticoagulation, and modulus close to native valve and conduit tissues. Compared to bioprosthetic valves, polymeric valves may be custom-designed to fit the requirements of specific patients and be less prone to calcification and failure. The most common materials include polyurethane, polytetrafluoroethylene, poly(styrene-*b*-isobutylene-*b*-styrene), biodegradable elastomers, and different types of hydrogels; the advantages and disadvantages of using each of these materials along with their mechanical behavior are fully discussed in the following sections.

### 3.3.1. Polyurethanes {#sec3.3.1}

Polyurethanes (PU) are obtained from the reaction between isocyanates (--N000000000000 000000000000 000000000000 111111111111 000000000000 111111111111 000000000000 000000000000 000000000000CO) and compounds with active hydrogen atoms (e.g. alcohols or amines). Urethane bonds result from the reaction of isocyanate and alcohol groups, while urea bonds are formed from the reaction of isocyanate with amine groups. Isocyanates used in the synthesis of polyurethanes can be either aliphatic or aromatic. Compared to aliphatic isocyanates, aromatic isocyanates result in mechanically superior polyurethanes but, in turn, have increased toxicity. Polyols used in the production of polyurethanes can have a backbone of polyesters (PLA, PGA, and PCL), polyols (PEG or PPG), polycarbonates, polydimethylsiloxane, or polybutadiene. The common members of polyurethane family that have been used in the fabrication of heart valves include polyester urethanes, polyether urethanes, polycarbonate urethanes, and polyether urethane urea ([Scheme 1](#sch1){ref-type="fig"}) \[[@bib69], [@bib70], [@bib71]\].Scheme 1Chemical structures of common polyurethanes used in the fabrication of hearts valves.Scheme 1

In general, polyester urethanes have good viscoelastic properties but are prone to hydrolysis because of the ester bonds on their backbone. Polyether urethanes, on the other hand, have good resistance to hydrolysis but have low oxidation resistance. Polycarbonate urethanes address the hydrolysis and oxidation issues of polyester urethanes and polyether urethanes but remain susceptible to calcification. The first generation of PUs used in biomedical applications was ester-based, which presented low life cycle because of rapid hydrolysis \[[@bib72]\]. One of the earliest examples of flexible polymeric cardiac valves was demonstrated by Braunwald and colleagues in 1960 \[[@bib73]\], where a trileaflet polyurethane valve was used to replace a mitral valve. Later, Biomer® was used to fabricate ∼80 ​μm thick leaflets for the pulmonary position \[[@bib74]\]. Biomer® was a polyether urethane urea, composed of polytetramethylene ether glycol soft segments, aromatic hard segments, and amine chain extenders \[[@bib75],[@bib76]\], which was marketed by Johnson & Johnson\'s Ethicon as a biomedical grade polyurethane. DuPont Biomer® was withdrawn from the market in 1991 mainly because of the common cracking failure, which revealed to be common in polyether urethanes. Mackay et al. \[[@bib77]\] used solution casting and injection molding to prepare trileaflet PU heart valves made of Lubrizol Estane® 58201 (BF Goodrich), which could withstand 4 ​× ​10^8^ to 5 ​× ​10^8^ cycles of accelerated fatigue test (12 ​Hz, 100--120 ​mmHg pressure, with PU valves completely opening and closing in each cycle). Estane® 58201 has hard segments of 4,4′-diphenylmethane diisocyanate, soft segments of poly(tetramethylene glycol) and butanediol chain extenders \[[@bib78]\]. Lubrizol Estane® 58201 also has suitable mechanical properties including high elongation at break (680%), high toughness (44 ​kJ ​m^−2^), and moderate strength (tensile strength ∼39 ​MPa). With a modulus of ∼3.8 ​MPa (at 50% strain), PU leaflets with ∼100 ​μm thickness could provide superior resistance against the backflow in a pulse duplicator when compared to mechanical or bioprosthetic valves \[[@bib77]\].

In another study, PU heart valves made of Angioflex® (a proprietary PU developed by ABIOMED Inc.) exhibited lower levels of calcification compared to certain tissue valves \[[@bib79]\], although calcification of the polyurethane leaflets has been reported by others \[[@bib80]\]. In an attempt to reduce calcification rate, anticalcification agents such as bisphosphonate \[[@bib81]\] (2-hydroxyethane bisphosphonic acid) and heparin were covalently bound to the PU backbone \[[@bib79]\]. Microscopy and X-ray results, however, indicated that calcification increased in the presence of bisphosphonic ([Fig. 3](#fig3){ref-type="fig"}A) during *in vitro* accelerated life testing \[[@bib79]\].Fig. 3Angioflex® and bisphosphonate-modified Angioflex® (polyether-based polyurethane) valves before and after calcification (A) \[[@bib79]\]. Further examination revealed that the nature of calcification differs between the two materials. (B) Polycarbonate urethane heart valves after 20 weeks of implantation (i) compared with Mosaic® after 10 days (ii) and Perimount® after 30 days (iii) \[[@bib82]\]. No visible calcification could be detected for polycarbonate urethane in radiography compared to Moasic® and Perimount® samples.Fig. 3

Polycarbonate urethanes such as Bionate® exhibit considerably lower rates of biodegradation compared to other classes of PUs \[[@bib83],[@bib84]\], enabling fabrication of thinner leaflets. Polycarbonate urethanes of various stiffness (from Adiam Life Science, Erkelenz, Germany) were used to fabricate bi- and tri-leaflet mitral \[[@bib85]\] and aortic \[[@bib82]\] heart valves. A combination of dip-coating of dropping techniques was used to generate a multilayered configuration made of polycarbonate urethanes with varying stiffness. Leaflets with a thickness of 100 ​μm--300 ​μm remained durable *in vivo* although exhibited mild calcifications ([Fig. 3](#fig3){ref-type="fig"}B).

Compared to polyether urethanes, polyether urethane urea is less likely to fail by cyclic mechanical fatigue \[[@bib69]\]. Overall, PU-based valves exhibited high durability ranging between 10^8^ and 8 ​× ​10^8^ cycles, depending on the type of PUs and their fabrication process \[[@bib86]\]. To reinforce the leaflets, metallic or polymeric meshes such as polytetrafluoroethylene can be incorporated into the PU matrix (e.g. Roe--Moore and McGoon prosthesis) \[[@bib87]\]. Such reinforced structures were expected to extend the life span and be more robust under mechanical loads. Reinforced nanocomposite PUs based on polyhedral oligomeric silsesquioxanes have also shown favorable biocompatibility and mechanical durability. The nanocomposites exhibited ∼60% enhancement in ultimate strength (∼50 ​MPa), higher stiffness (∼26 ​MPa), improved elongation at break (∼700%), enhanced tear resistance, and antithrombogenicity \[[@bib88],[@bib89]\].

### 3.3.2. PTFE {#sec3.3.2}

Polytetrafluoroethylene, also known as Teflon® by DuPont\'s registered trademark, is a highly stable fluorinated polymer with low surface energy ([Scheme 2](#sch2){ref-type="fig"}). PTFE is a crystalline polymer (∼40--70%), with non-linear mechanical properties that exhibit temperature and rate-dependent modulus and yield stress. At room temperatures, PTFE has Young\'s modulus of ∼1 ​GPa, the yield stress of ∼10 ​MPa, ultimate stress of ∼160 ​MPa, and strain at break of ∼150% \[[@bib90],[@bib91]\]. The low surface energy of PTFE results in a very low friction coefficient and non-adhesiveness, and its inertness makes it a suitable candidate for many medical applications, including in cardiovascular engineering.Scheme 2Chemical structure of polytetrafluoroethylene (PTFE).Scheme 2

One of the very first examples of PTFE-based prostheses used to replace cardiac valves in patients was reported by Braunwald and Morrow in 1965 for aortic valves. However, valves failed due to calcification, tearing, and stiffening \[[@bib92]\]. In 1969, the expanded PTFE (ePTFE) was introduced to the market by Bob Gore and since then has been widely recognized as Gore-Tex® products. Similarly, ePTFE trileaflet valves implanted in dogs \[[@bib93]\] and sheep \[[@bib94]\] showed calcification and stiffening, with both host cells and calcium infiltrated the micropores of the ePTFE. The ePTFE bicuspid pulmonary valves implanted in children and adults with congenital heart disease showed overall successful outcomes, especially in terms of valve regurgitation \[[@bib95], [@bib96], [@bib97]\]. Nevertheless, despite good hemodynamic properties, both PTFE and ePTFE exhibit low resistance to thromboembolism and calcification ([Fig. 4](#fig4){ref-type="fig"}) \[[@bib97]\].Fig. 4Histopathological examination of ePTFE pulmonary valved conduits after explantation from young patients (median age of 25.3 months). Macroscopic (A, B) and microscopic (C, D) findings: white arrows indicate normal ePTFE valve cusp while black arrows indicate calcified ePTFE valve cusps. The white asterisks in (C, D) show the conduit wall and the white arrow heads point to infiltrated calcium \[[@bib97]\].Fig. 4

### 3.3.3. SIBS {#sec3.3.3}

Poly(styrene-*b*-isobutylene-*b*-styrene) is a thermoplastic block copolymer ([Scheme 3](#sch3){ref-type="fig"}) now produced by Innovia. Initially, SIBS was introduced to address the *in vivo* degradation of polyurethanes since it does not have any reactive pendant groups \[[@bib98]\]. SIBS reinforced with polyethylene terephthalate (Dacron®) was used for the fabrication of trileaflets for the aortic position of sheep \[[@bib99]\]. However, the animal study results were not satisfactory with most valves failed because of calcification, creep, and material failure. This material was highly inert with no evidence of biodegradation. To address the occurring issue of creep in uncrosslinked SIBS \[[@bib100]\], Innova introduced the crosslinked version of SIBS, which is referred to as xSIBS. Compared to SIBS, xSIBS has no creep, exhibits non-linear hyperelasticity, a wide range of elastic modulus (1.5--3 ​MPa), high strength (∼5 ​MPa), and high elongation at break (100%\<). *In vitro* hemodynamical evaluation of trileaflet valves made from xSIBS revealed no significant difference between the platelet activation of xSIBS valves and native tissue \[[@bib101]\].Scheme 3Chemical structures of SIBS and xSIBS.Scheme 3

### 3.3.4. Biodegradable elastomers {#sec3.3.4}

Biodegradable elastomers promise to combine the highly sought-after mechanical properties needed for heart valve fabrication with controlled biodegradation to allow for growth of native tissue. One example of biocompatible and biodegradable elastomer is polycitrate-(*ε*-polypeptide) (PCE) with antibacterial activity and photoluminescent capacity. Because of its biocompatible backbone (polycitrate and polypeptide), PCE was found to be highly cyto- and hemo-compatible *in vitro* and showed low inflammatory response *in vivo* \[[@bib102]\].

Poly(hydroxyalkanoate) (PHA), a class of hydroxyl-alkanoic acid polyesters, can also be considered as biodegradable elastomers depending on their chemical structure ([Scheme 4](#sch4){ref-type="fig"}). Depending on the alkyl units in their backbones, PHAs range from highly crystallized rigid polymers to flexible elastomers.Scheme 4Chemical structure of biodegradable ester elastomers: poly(hydroxyalkanoate) family (PHA), poly(4-hydroxybutyrate) (P4HB), and poly(glucolic acid) (PGA).Scheme 4

PHAs are mainly derived through bacterial fermentation and their molecular structure can be determined by the fermentation feed. Pure PHAs intrinsically have excellent biocompatibility, and for most members of this family, the by-product of their degradation is a natural human metabolite \[[@bib103],[@bib104]\]. Because of the ester group in their backbones, however, all PHAs are prone to hydrolysis. Hence, polyesters are mostly used to fabricate absorbable scaffolds for heart valves to incorporate fibroblasts and endothelial cells \[[@bib105],[@bib106]\]. Among different members of PHA family, poly(4-hydroxybutyrate) (P4HB) is a thermoplastic elastomer with elongation at break of 10^3^%, tensile modulus of 70 ​MPa, and tensile strength of 50 ​MPa \[[@bib107]\]. Because of its desirable mechanical properties compared to innate heart valve tissues, P4HB has been attempted for the fabrication of functional living heart valves. In an example, non-woven poly(glycolic acid) (PGA) mesh was coated with P4HB to prepare an absorbable trileaflet heart valve scaffold for myofibroblasts and endothelial cells \[[@bib108]\]. PGA itself is a biodegradable aliphatic polyester with a glass transition temperature within the range of 35--40 ​°C and crystallinity between 0 and ∼50% \[[@bib109]\]. Because of its favorable mechanical properties and bioabsorbability, PGA has been widely used in biomedical applications (e.g. first absorbable suture). Compared to PGA, P4HB has a longer absorption time (5--6 months vs 6--8 weeks) \[[@bib110],[@bib111]\]; hence, the P4HB-coated PGA scaffolds could withstand the localized pressures and delay rupture \[[@bib108]\]. The constructs resembled microstructure of normal heart valves and remained functional *in vivo* for up to 5 months in the descending aorta of juvenile sheep \[[@bib112]\]. Yet, PHA family lacks internal crosslinking and still suffers from short life cycles.

### 3.3.5. Hydrogels {#sec3.3.5}

Hydrogels are three-dimensional networks made from highly hydrophilic polymers enabling them to contain a noticeable amount of water. Depending on their network topology and chemical structure of polymer backbones, the mechanical properties of hydrogels range from brittle with low fracture energies (10--100 ​J ​m^−2^) to extremely tough with fracture energies similar to those of rubbers (∼100--10000 ​J ​m^−2^) \[[@bib113]\]. The stiffness of hydrogels is largely controlled by their crosslinking ratio (physically or chemically) varying from ∼1 ​kPa to 1--10 ​MPa. This range of moduli overlaps with the modulus of various human soft tissues \[[@bib114]\]. Moreover, the swollen network of hydrogels allows for rapid diffusion of nutrients and oxygen, making them suitable candidates for tissue engineering and medical applications. Despite their high potentials, conventional hydrogels (e.g. ionically crosslinked alginate or chemically crosslinked polyacrylamide) suffer from brittleness \[[@bib115]\]. Thus, many hydrogel systems that have been used in cardiac applications merely act as biocompatible scaffolds for cell support \[[@bib116], [@bib117], [@bib118]\].

Hydrogels can be processed via a versatile range of fabrication methods such as electrospinning, molding, and bioprinting \[[@bib119], [@bib120], [@bib121]\]. For instance, gelatin hydrogel composites reinforced with P4HB elastomeric fibers were developed through a two-step manufacturing process in which P4HB and gelatin fibers were electrospun on rotating collecting mandrels with desired valve geometry via a rotating fiber extrusion needle \[[@bib122]\]. The mechanical properties of the composites could be tuned via spinning angle and electrospun fiber composition, with modulus ranging from 35 ​MPa for aligned P4HB fibers to ∼200 ​kPa for radially oriented P4HB:gelatin 40:60 fibers. The fabricated fibers were attached to stents and deployed minimally invasively to the pulmonary position of an ovine model via transapical access. The deployed valve remained functional in its position for 15 ​h \[[@bib122]\].

To fabricate heart valves as a whole through a seamless method, elastin-like recombinant-fibrin hydrogels were synthesized in a modular mold with the desired geometry of heart valves. This approach would also allow for the creation of multilayered constructs \[[@bib123]\], or can be combined with electrospinning to achieve reinforced valved conduits \[[@bib124]\]. Cell-laden alginate-gelatin hydrogels were 3D printed into hybrid valved conduits using a multimaterial 3D printer (Fab\@Home™) \[[@bib125]\]. Freshly prepared hydrogels with no cells had a modulus of ∼1.4 ​MPa, but when incubated, their modulus declined rapidly over time, reaching ∼1 ​MPa after 7 days. Similar trends were observed for ultimate strength and strain at break. The deterioration of mechanical properties of physical hydrogels (e.g. alginate) over time is a limiting obstacle in utilizing them for heart valve applications without any further reinforcement.

Various strategies have been developed to improve the toughness of hydrogels, such as nanocomposite hydrogels \[[@bib126]\] and double-network hydrogels \[[@bib127]\]. These strategies can be adapted to enhance the toughness of biocompatible but brittle hydrogels such as collagen. For instance, tough poly(ethylene glycol)-collagen double network hydrogels with considerably higher toughness compared to their constituting networks were prepared by polymerizing poly(ethylene glycol) diacrylate inside collagen hydrogels \[[@bib128]\]. Depending on the ratio of collagen and poly(ethylene glycol) networks, ultimate strength could approach 800 ​kPa for highly swollen hydrogels with more than 96% water content.

Among ​various tough hydrogel systems, those capable of retaining their mechanical stability over dynamic loading are most suitable for cardiac valve applications. Dual crosslinked networks made of a physically crosslinked network with renewable crosslinking and a covalently crosslinked network with permanent crosslinking are one of such promising categories of tough hydrogels \[[@bib129]\]. Under dynamic loading, the physical crosslinking (e.g. ionic, hydrogen bonding, hydrophobic) \[[@bib130], [@bib131], [@bib132], [@bib133], [@bib134], [@bib135], [@bib136]\] can dissociate, dissipating a large amount of energy. On the other hand, the elastic network of covalently crosslinked polymers will act as the scaffold to bring back the material to its original structure after the load is removed. The physical crosslinks will be then reform, leading to the recovery of the system. One early example is highly stretchable hybrid hydrogels made of an ionically crosslinked alginate integrated with a covalently crosslinked polyacrylamide (PAAm) network \[[@bib137],[@bib138]\]. The alginate-PAAm hybrid hydrogels exhibited very high fracture energies (∼8000 ​J ​m^−2^) at their optimum concentration and could recover their network structure after extreme deformation albeit at elevated temperatures (60--80 ​°C) and over long periods of time (∼1 day). The modulus could be tuned by altering the ratio of alginate to PAAm, ranging from 20 ​kPa to 100 ​kPa. Protein-based tough hydrogels could also be achieved by dual crosslinking of unstructured elastin-like peptides using covalent and ionic crosslinking \[[@bib139]\]. The physical and mechanical properties of protein-based dual crosslinked hydrogels could be tuned by the ratio of two networks and the level of ionic and covalent crosslinking. At high levels of ionic crosslinking, modulus could reach 80--120 ​kPa, and fracture energy picked at 1200 ​J ​m^−2^. Hybrid hydrogels based on covalently crosslinked poly(ethylene glycol)-fibrinogen and supramolecular guest--host hyaluronic acid network may also exhibit recoverable mechanical performance \[[@bib140]\], because of the renewable guest--host crosslinking. Another example is a semi-interpenetrating tough hydrogel system, which comprised of a physically ​and a chemically crosslinked network with fracture energy up to 1200 ​J ​m^−2^ and Young\'s modulus ranging from 1 to more than 10^3^ ​kPa \[[@bib114],[@bib141]\].

To summarize this section, [Table 3](#tbl3){ref-type="table"} lists various materials with fabrication methods for heart valves in the ovine model. It should be noted that while the porcine model presents similarities to human in endothelialization and immune responses, the ovine model has been widely chosen for assessing the heart valves. The main reason for favoring ovine model is the high level of calcium and phosphorus in the serum, which would increase the calcification and may represent the worst scenario for heart valves. In general, ovine models are more aggressive animal models for testing the durability of engineered valves.Table 3Several preclinical studies of various fabricated materials for heart valves in the ovine model.Table 3MaterialFabricationProcedureSample size (N)Significant outcomeNon-woven PGA meshes coated with 1.75% P4HB seeded with autologous bone marrow mononuclear cells \[[@bib10]\]CastingAortic valve replacementAfter 12 ​h (N ​= ​1), after 4 weeks (N ​= ​5)Early cellular infiltration and in-growth into the material; formation of layered endothelialized tissues; adequate mobility of leaflets.Decellularized matrix, made from fibrin gel \[[@bib11]\]CastingPulmonary valve replacementN ​= ​8The valve functioned well up to 8 weeks (4 weeks beyond the half-life of suture strength).Non-woven PGA meshes coated with 1.75% P4HB seeded with ovine vascular-derived cells \[[@bib12]\]CastingPulmonary valve replacementOne-day follow-up (N ​= ​2), after 8 weeks (N ​= ​2), after 16 weeks (N ​= ​4), and after 24 weeks (N ​= ​4)Mild central regurgitation was observed after week 8, followed by moderate progressing by week 24. Significant host cell repopulation was reported.Polyglactin-PGA seeded with fibroblasts and SMCs followed by endothelial cells \[[@bib105]\]CastingRight posterior leaflet of the pulmonary valve replacementN ​= ​4No evidence of stenosis and trivial pulmonary regurgitation was observed. Development of extracellular matrix was confirmed by collagen analysis.PGA and PLA seeded with mesenchymal stem cells \[[@bib13]\]CastingPulmonary valve replacementN ​= ​1The mean collagen density in the circumferential direction was greater than that of the native pulmonary valve.PHO seeded with vascular endothelial cells \[[@bib142]\]CastingPulmonary valve replacementN ​= ​4 (explanted after 1, 5, 13, and 17 weeks)An increase in the inner diameter, the length, and the area of conduits was observed.PGA and PHA as conduit and PHA as leaflet seeded with autologous endothelial cells \[[@bib143]\]CastingPulmonary valve and pulmonary artery replacementN ​= ​8 (explanted after 1, 2, 4, 6, 8, 12, 16, and 24 weeks)No thrombus formation up to 24 weeks was observed.2-Ureido-4\[1H\]-pyrimidinone-polyester urethane \[[@bib144]\]ElectrospinningPulmonary valve replacement3 months follow-up (N ​= ​9) and 12 months follow-up (N ​= ​7).Partial material resorption and leaflet collagen replacement were observed.Polycarbonate (modified with bis-urea) on a polyether ether ketone supporting stent; seeded with fibrin gel \[[@bib145]\]ElectrospinningPulmonary valve replacement2 months follow-up (N ​= ​1), 6 months follow-up (N ​= ​5), and 12 months follow-up (N ​= ​4)The implant was gradually substituted by layers of collagen and elastic matrix.P4HB and gelatin \[[@bib122]\]ElectrospinningPulmonary valve replacementAcute (N ​= ​4)Hemodynamic performance was satisfactory. The valve was shown to be functional for 15 ​h in the ovine model.Poly([l]{.smallcaps}-lactide-*co*-D,[l]{.smallcaps}-lactide) nanofibers seeded with adult stem cells driven from bone marrow \[[@bib146]\]ElectrospinningPulmonary valve replacement8 weeks (N ​= ​6)Thickened leaflets, the formation of layered neotissues with endothelialized surfaces were reported.

4. Manufacturing heart valves {#sec4}
=============================

Despite all advances in materials science and manufacturing, so far only mechanical and bioprosthetic heart valves have been used clinically. On-X® aortic heart valves by CryoLife are a recent example of mechanical heart valves with a 90° of leaflet opening to promote laminar hemodynamics. The leaflets are also made of pure pyrolytic carbon to achieve a smoother surface. In another class, low-profile Carpentier-Edwards® xenograft heart valves have exhibited promising performances. These xenografts are made of bovine pericardium leaflets secured by cobalt-chromium alloy stents, which are covered with polyester cloth and silicone rubber sewing rings. The leaflets are designed to improve durability and hemodynamics while the flexible cobalt-chromium alloy casing is intended for energy absorption and reduction of stress in leaflets.

For the next generation of artificial heart valves based on polymeric materials, molding, electrospinning, and additive manufacturing are the main fabrication methods that can be used for manufacturing of customized heart valves. In this section, the practical application of each of these methods in the fabrication of heart valves is discussed along with various materials that are compatible with each fabrication technique.

4.1. Molding {#sec4.1}
------------

Molding has been extensively used for the fabrication of complex polymeric components. In this method, the polymeric solution or melt is introduced into a mold with the desired geometry and when the polymer is solidified after a certain time, then the construct is released from the mold. Multimaterial structures can be developed by utilizing a multistep approach through which different polymers are introduced to the mold at various times. For instance, multicomponent heart valves made of fibrin and elastin-like recombinant gels were produced as a proof-of-concept using multistaged injection molding ([Fig. 5](#fig5){ref-type="fig"}) \[[@bib147]\]. Using such method, different types of cells and materials were employed to reconstruct the heterogeneity of the native heart valves. Additionally, the fabrication process of molding is generally very mild leading to high viability for embedded cells. Nevertheless, there are practical limitations in molding methods for constructing a highly heterogeneous structure made of multiple layers with different properties and cell types that could resemble the native heart valves (see [Fig. 1](#fig1){ref-type="fig"}G) \[[@bib24]\]. The multistep molding process may require opening and closing of the mold several times leading to potential complications and discrepancy in manufacturing, which is not desirable. Moreover, while multicomponent constructs can be made via molding, each material phase will exhibit isotropic properties. In contrast, the native heart valves are multicomponent and anisotropic in each phase.Fig. 5Multistep injection molding for construction of a multimaterial heart valve. Mold parts are fabricated based on the desired valve geometry (A), followed by staged injection of different polymers as required (e.g. fibrin and elastin-like gels) (B--E). After solidification (e.g. gelation), the construct is released from the mold (F). Various cell types can be incorporated into the precursors before injection. The junctions between the leaflets and the wall and the structure of a two-layer leaflet are shown in (G) and (H), respectively, with two different cell ​populations, where nuclei of cells were stained blue (Hoechst 33258) and their cytoplasm was stained green (calcein AM). The vascular and ventricular sides of the valve are presented in (I) and (J). Scale bars are 200 ​μm. All figures were modified and reprinted with permission from the publisher \[[@bib147]\].Fig. 5

4.2. Electrospinning {#sec4.2}
--------------------

Electrospinning is another highly versatile and efficient fabrication technique, which can be easily scaled up. Prior to the prevalence of electrospinning, other fabrication techniques such as drawing \[[@bib148],[@bib149]\] had been used to obtain submicrometer fibers. However, electrospinning made it possible to continuously produce submicron to nanometer fibers from a wide range of polymeric materials \[[@bib150]\]. Numerous natural biopolymers and synthetic polymers have been used in electrospinning by optimizing the solvent system and fabrication parameters. Examples of biopolymers that have been processed by electrospinning include collagen \[[@bib151]\], chitosan \[[@bib152],[@bib153]\], gelatin \[[@bib154]\], fibrinogen \[[@bib155]\], chitin \[[@bib156]\], hyaluronic acid \[[@bib157]\], and silk \[[@bib158]\]. Yet, very few of such polymers have been used for the fabrication of heart valves.

Various polymeric materials have been processed via electrospinning for cardiac tissue engineering \[[@bib159],[@bib160]\]. The microfibril structure of electrospun scaffolds is believed to provide a suitable environment to support myocardial tissue as it resembles the hierarchical structure of the myocardial tissue with aligned fibrous cells embedded in 3D honeycomb-like matrix of undulated perimysial collagen fibers and different ECM proteins \[[@bib161],[@bib162]\]. The alignment of electrospun microfibers can be controlled to create mechanical anisotropy. Such microscale directionality in stiffness is particularly important for cardiac cells as they are responsive to mechanical cues from the environment \[[@bib163]\]. In one study, electrospun scaffolds with bending stiffness ranging from ∼2000 ​kPa to ∼5000 ​kPa were fabricated from biodegradable polyester urethane by controlling the fiber insertion density during fabrication \[[@bib164]\]. Various strategies can be applied for tuning the mechanical and biological properties of the scaffolds. For instance, Sant et al. used a standard setup to electrospin blends of poly(glycerol sebacate) and PCL to control fiber diameter, mechanical properties, and cell attachment \[[@bib165]\]. In addition to electrospinning of blends, various innovative electrospinning procedures \[[@bib166], [@bib167], [@bib168]\], such as microfluidic assisted \[[@bib169]\] and *in situ* blending \[[@bib170],[@bib171]\], have been developed to generate impressive gradient structures with various mechanical properties.

The versatility of electrospinning is not limited to the wide range of materials that can be processed by this method. While at the early stages, electrospinning was mainly used to fabricate thin scaffolds, recently more complex 3D constructs have been developed by altering the geometry of the collecting electrode or spinneret ([Fig. 6](#fig6){ref-type="fig"}) \[[@bib122],[@bib172],[@bib173]\]. For instance, various geometries of heart valve leaflets have been prepared by electrospinning of ester-based polyurethane on carefully designed collecting electrodes with insulating and conductive patterns \[[@bib173]\]. The 3D geometry of electrodes and their insulating/conductive patterns, along with the deposition time, were the control variables by which artificial valve leaflets replicating native tricuspid, aortic, mitral, and pulmonary valves were produced. This technique allows engineering artificial heart valve with the desirable macroscopic shape and size, mechanical properties, heterogeneity, and microstructure. As shown in [Fig. 7](#fig7){ref-type="fig"}, this elegant procedure even enables to engineer suture-free heart valves that integrate the wall scaffolds into valved geometries. Due to the presence of organic solvent and high voltage, cells cannot be directly used in electrospinning; hence, the electrospun scaffolds are used to incorporate desired cells after fabrication. In such after fabrication treatments, cells can be encapsulated in a hydrogel precursor, then applied on the electrospun scaffold \[[@bib174]\]. Alternatively, cells are directly seeded on the scaffold in a bioreactor.Fig. 6An example of a modified electrospinning system (JetValve) \[[@bib122]\] with a rotary fiber ​spinning reservoir (A) and customizable collecting electrodes (B) to create more realistic valve geometries via electrospinning.Fig. 6Fig. 7Electrospinning for the fabrication of heart valves. The geometry of the collector electrodes determines the architecture of the electrospun constructs (A, B) and the type of valves fabricated by electrospinning (C). A variety of such collector electrodes are shown in (A). The collector electrodes may spin during the electrospinning to generate different fiber alignments. An example of a collector electrode after electrospinning is shown in (B). Examples of electrospun tricuspid, aortic, mitral, pulmonary valves are presented in (C). Scale bars are 1 ​cm. All figures were modified and reprinted with permission from the publisher \[[@bib173]\].Fig. 7

4.3. Additive manufacturing {#sec4.3}
---------------------------

Additive manufacturing has enabled the fabrication of multimaterial structures with complex 3D architectures. From the hardware point of view, 3D printers can easily provide submicron spatial movement, precisely control temperature, and deposit minute amounts of materials at each layer. Yet, to create a finely defined complex and heterogeneous structure, such as that of heart valves, the properties of bioinks must be optimized and tuned according to each specific additive manufacturing technique. [Fig. 8](#fig8){ref-type="fig"}A schematically presents the correlation between material properties (e.g. polymer concentration, crosslink density, stiffness) and shape fidelity. In most cases, the materials used for cell culturing have low viscosity and low stiffness, which are suitable conditions for cells but result in shapeless structures. To obtain more defined constructs, on the other hand, it is necessary to use stiffer gels \[[@bib175]\]. It must be noted that gels with extremely high stiffness are not compatible with cells. As such, it is highly desirable to achieve well-defined constructs (high fidelity) with soft gels by employing novel biofabrication techniques and new material chemistries. While material development for additive manufacturing is a progressing field, biofabrication has already been demonstrated as an effective tool in biomedical applications and tissue engineering \[[@bib176]\]. In the majority of these cases, biofabrication has been used to generate cell-laden scaffolds where cells could be incorporated in the printed structure after the printing or during the course of fabrication \[[@bib177]\]. The three common methods of 3D biofabrication are laser-induced forward transfer, inkjet, and extrusion printing ([Fig. 8](#fig8){ref-type="fig"}B).Fig. 8A schematic representation of shape fidelity as a function of polymer network stiffness (A) \[[@bib177]\]. Hydrogels used for cell culturing are not able to retain a predefined geometry while providing a very suitable environment for cells to migrate and grow. On the other hand, stiff hydrogels are highly suitable for the fabrication of well-defined 3D geometries but do not provide an adequate physiological environment for cells. The traditional biofabrication window is where shape fidelity and network stiffness are moderately compromised. Novel strategies are being developed to provide a suitable environment for cells while enabling detailed biofabrication of complex geometries. Common additive manufacturing techniques used in biofabrication of medical devices and scaffolds (B) \[[@bib177]\].Fig. 8

These methods vastly differ from each other, and each entails series of advantages and disadvantages. Inkjet printers require liquid inks with low viscosity (∼10 ​mPa/s). Various types of cells, proteins, and other media can also be incorporated in the inks. While the processing speed and feature resolution are quite high, clogging and other inconsistencies are the major challenges in inkjet printing of customized bioinks. Moreover, inkjet printing cannot be used for the fabrication of 3D structures with large height. This limitation is because inkjet printing can only build features as high as the droplet size, which is in the range of few microns. Extrusion printing can handle a significantly wider range of materials including thermoplastics, hydrogels, gels, and cell-laden media with viscosity varying between 30 ​mPa/s and 10^2^ ​Pa/s. The processing speed, however, is considerably slower (∼5 ​mm/s) and the feature resolution is poor (normally \>50 ​μm). The laser-induced forward transfer technology uses a donor slide coated with a laser absorbing layer and bioinks containing cells. The coating evaporates when exposed to the laser, releasing a high-pressure gas, which ejects the bioink to the surface. It is a nozzleless process compatible with low-to-medium viscosity inks (1--300 ​mPa/s). They can also handle cells (up to 10^8^ ​cell/ml) at very high cell viabilities (\>95%) \[[@bib176]\]. Similar to inkjet printing, laser-induced technologies are not suitable for large constructs and hence are not biologically relevant for widespread applications. Among the common biofabrication techniques, extrusion printing offers considerable flexibility in material design. Hence, the remainder of this section is devoted to this technique and its use in the manufacturing of heart valves and conduits.

Extrusion printing, also referred to as bioplotting in the biological context, is a versatile technique in which the inks -- ranging from thermoplastics to gels and highly viscose liquids -- are dispensed through a nozzle on a platform \[[@bib178],[@bib179]\]. The movement of the nozzle or the platform (or both) is fully controlled so that materials are deposited in *x*, *y*, and *z* directions. In most cases, the rate of deposition and temperature of the nozzle and the platform can be controllable. The deposition process is either pneumatic or mechanical, and it is possible to deposit more than one material in each layer \[[@bib180]\]. The print resolution is defined by the size of the nozzle and ranges from ∼50 ​μm to a few millimeters. The main advantages of extrusion printing over other additive manufacturing methods for tissue engineering and medical device fabrication are the ink versatility, stackability, and the possibility of loading high density of cells into the ink \[[@bib181],[@bib182]\]. The print resolution in extrusion printing, however, is not as high as other methods of 3D printing \[[@bib183]\]. Hydrogels are vastly used in extrusion printing of implants as they contain large quantities of water and offer mechanical and physical properties partly matching those of native soft tissues \[[@bib184]\]. Common hydrogel-based materials used in ink preparation for extrusion printing include polyethylene glycol (PEG) and polypropylene glycol (PPG) derivatives, alginate \[[@bib185]\], gelatin derivatives such as gelatin methacrylate (GelMA) \[[@bib186],[@bib187]\], agarose \[[@bib188]\], collagen \[[@bib117],[@bib189]\], fibrin \[[@bib190]\], silk \[[@bib191],[@bib192]\], and hyaluronic acid (HA) \[[@bib193],[@bib194]\].

The wide degrees of freedom in ink design for gel extrusion printing have led to the creation of multimaterial constructs such as 3D vascularized structures \[[@bib195]\]. For instance, J.A. Lewis\'s team used the versatility of extrusion printing to build a 3D construct tissue with multiple cell types, vasculature, and extracellular matrix using a combination of scarifying (Lutrol® F127) and GelMA (cell-laden and pure) inks \[[@bib196]\]. A temperature-sensitive copolymer, Lutrol® F127 is routinely used as a support material with gelation temperatures around room temperature (depending on polymer concentration). After gelation, Lutrol® F127 is sufficiently robust to support the mass of other deposited inks, and later can easily be removed by lowering the temperature below the gelation point. GelMA is also a temperature-sensitive biopolymer based on gelatin with polymerizable methacrylate sites. Utilizing thermal gelation of Lutrol® and GelMA, and polymerizability of GelMA, researchers in Lewis\'s team ​were able to create multichanneled structures lined with human dermal fibroblasts and human umbilical vein endothelial cells. Cell viability was reported to range from 60% to 80% as expected for extrusion printing. The relatively low cell viability observed in extrusion printing of cell loaded bioinks is attributed to the high shear stress applied to cells during printing. The high shear stress originated from the high viscosity of inks used in extrusion printing can rupture the cell walls. Nair et al. showed that the number of live cells reduces by more than 38% when the maximum shear stress experienced in the fluid increases from ∼20 ​kPa to ∼760 ​kPa \[[@bib197]\].

Extrusion printing also allows for printhead modification, to enable *in situ* mixing of inks according to the digital input. Zhang, Khademhosseini, and their colleagues demonstrated the rapid fabrication of multimaterial structures made from several bioinks based on GelMA and alginate using one single printhead \[[@bib198]\]. Again, GelMA was used as a polymerizable biopolymer while alginate was a rheological modifier. This method was used in proof-of-concept demonstrations in which patterned endothelialized tissue was fabricated with four bioinks laden with human dermal fibroblasts, HepG2 human hepatocellular cells, human mesenchymal stem cells, and no cells. The main application of *in situ* mixing of multiple inks at the printhead will be in generating structures with gradient composition \[[@bib199]\].

The ability of extrusion printing in depositing multimaterials at high throughputs, being compatible with modified printheads, and having a vast library of printable materials, renders this method of additive manufacturing very suitable for the seamless fabrication of artificial heart valves and conduits. The native cardiac valved conduits are highly heterogeneous with complex 3D structures. The cellular heterogeneity of the cardiac valved conduits will be translated into the material heterogeneity in the artificial conduits in order to provide suitable substrates for the inclusion of various cell types \[[@bib200]\]. Hockaday et al. \[[@bib201]\] used extrusion printing to fabricate aortic valve scaffolds made of polyethylene glycol diacrylate (PEGDA) ([Fig. 9](#fig9){ref-type="fig"}).Fig. 93D printing of multimaterial heart valves: a 3D model is used (A) as a feed for the printer to construct an aortic heart valves (B). The 3D printing allows for rescaling of the printed constructs (C) for better customization. The scale bar in (C) is 1 ​cm. All figures were modified and reprinted with permission from the publisher \[[@bib201]\].Fig. 9

PEGDA is a polymerizable macromer with two active vinyl groups at each end of its chain, suitable for radical crosslinking. High levels of photoinitiator (Irgacure® 2959) were added to the ink formulation to reduce the crosslinking time to 30--60 ​s. To achieve heterogeneity in mechanical properties of printed heart valves, Hockaday and colleagues used two types of PEGDA with different chain lengths (i.e. 700 and 8000 ​Da) and altered their ratio in the inks. PEGDA macromers with shorter chain length lead to stiffer hydrogels. Hence by controlling the ratio of two PEGDAs, the stiffness of hydrogels was tuned between ∼5 ​kPa and ∼75 ​kPa. Alginate was added to the inks (10--15%) as a thickening agent to enable printing, while highly viscose alginate and gelatin ink was used as the support material for overhanging leaflets and ostia. The digital models for the printed aortic valves were based on micro-CT scans of fixed porcine aortic valves, and the printed structures achieved above 90% shape fidelity (10% tolerance) for valved conduits with ID of 22 ​mm. Yet, the shape fidelity was compromised as the print size reduced. For structures with ID of 12 ​mm, the shape fidelity was ∼70%. After photocrosslinking, alginate and support material were removed from the scaffold, and porcine aortic valve interstitial cells (PAVICs) were seeded. Cell vitality was between 90% and 100% over 21 days but the mean circularity of cells varied with the composition of hydrogel scaffold. While this study demonstrated the feasibility of extrusion printing for the fabrication of heterogeneous cardiac valves using multiple corsslinkable inks, the procedure still requires *in situ* polymerization, hence preventing the inclusion of cells into the inks prior to printing. Consequently, cells were seeded on the scaffold after the printing, which compromises the heterogeneity of the construct as only one cell type could be used. To enable direct cell-hydrogel printing, cells must be encapsulated to obtain high cell vitality \[[@bib202]\].

To eliminate the harsh chemical environment that arises from the polymerization of low viscose inks, physically crosslinkable biopolymers with thermal gelation, such as gelatin, have been proposed for direct cell printing of cardiac valves. For instance, aortic root sinus smooth muscle cells (SMC) and aortic valve leaflet interstitial cells (VIC) were separately mixed with a temperature-sensitive ink comprised of alginate and gelatin (2 ​× ​10^6^ ​cells/ml) then printed into aortic valve constructs \[[@bib125]\]. Gelation took place by reducing the ink temperature from 37 ​°C to room temperature, followed by immersion in CaCl~2~ for further ionic crosslinking of alginate. The cell viability of both cell types was more than 80% within the 3D printed tissues and encapsulated VIC expressed elevated vimentin while SMC expressed elevated alpha-smooth muscle actin (α-SMA). It was found that incorporation of cells into the inks reduced the ultimate strength, stiffness, and maximum elongation of the hydrogels. By incubating the hydrogels (with or without cells), their mechanical properties deteriorated over time, which can be due to the physically crosslinked nature of the hydrogels.

Methacrylated biopolymers with thermal gelation can also be used for cell printing to take advantage of their thermal gelation immediately after printing followed by covalent crosslinking to obtain more robust constructs. Human aortic valvular interstitial cells (HAVIC) were encapsulated in methacrylated hyaluronic acid (MA-HA) and GelMA for 3D printing of a trileaflet valve shape \[[@bib203]\]. Since the thermal gelation immediately after printing led to a stable 3D structure, it was possible to use lower levels of photoinitiator (i.e. 0.05% of Irgacure® 2959) at the expense of prolonged UV irradiation ($\sim$ 5 ​min). The mild radical crosslinking reaction resulted in cell viability above 90%, while the stiffness of the hydrogel construct and the rheology of the inks prior to printing were controlled by adjusting the ratio of MA-HA and GelMA. After 7 days of incubation, the encapsulated HAVIC expressed both α-SMA and vimentin, indicating the activation of HAVIC from fibroblastic to myofibroblastic. To better control the mechanical properties of the methacrylated biopolymers, additional crosslinkers, such as polyethylene glycol diacrylate, may be added to the formulation of the inks \[[@bib204]\]. Addition of crosslinkers can reduce the level of initiator ​and time and dose of irradiation needed to achieve a hydrogel scaffold with adequate mechanical stability.

An emerging strategy to create tissue-specific bioinks is by utilizing the decellularized extracellular matrix (dECM) \[[@bib206]\] as the base for the ink to which various forms of biopolymers or synthetic polymers, rheology modifiers, and different cell types can be added ([Fig. 10](#fig10){ref-type="fig"}) \[[@bib205],[@bib207],[@bib208]\]. In one study, cardiomyocytes were added to the dECM extracted from the left ventricle of a pig to prepare a temperature-sensitive bioink. To enable photocrosslinking, vitamin B2 was also added to the ink ECM formulation as a photoinitiator \[[@bib209]\]. After printing, the scaffold was initially gelled by UVA light followed by incubation at 37 ​°C. Self-supporting cells were also printed into cardiac tubes with the aid of a suitable support material \[[@bib210]\]. However, achieving higher degrees of structural complexity might not be possible with this approach because of the inadequate rheological properties of cell-only inks.Fig. 10Customizing bioinks by incorporating various cell ​types into dECM. All figures were modified and reprinted with permission from the publisher \[[@bib205]\].Fig. 10

5. Challenges and perspectives {#sec5}
==============================

Heart valves have extremely anisotropic mechanical properties, which originate from their heterogeneous structure at various scales. Hence, there is no single category of artificial heart valves that could address all mechanical requirements of heart valves ([Table 4](#tbl4){ref-type="table"}). Therefore, despite all advances in materials science and manufacturing, so far only mechanical and bioprosthetic heart valves have been used clinically.Table 4Advantages and challenges of various types of heart valves.Table 4Valve-typeAdvantagesDisadvantagesMechanical-Durability-Ease of fabrication with robust mechanical properties-Durability, blood clotting due to high shear stressBiological-Close resemblance to native tissues-Durability and lack of customizationPolymeric-Processable via novel fabrication techniques such as additive manufacturing and electrospinning, which allow for customization and creation of complex geometries-Mechanical properties resemble those of native tissues-Durability and poor dynamic mechanical properties

The reported values for mechanical properties of the bovine pericardium and porcine pericardium, which are often used as bioprosthetic heart valves, are inconsistent in the literature. However, it can be inferred that adult bovine pericardium and calf bovine pericardium were significantly stiffer than fetal bovine pericardium. The porcine pericardium has been found thinner and stiffer than bovine pericardium. It should be noted that no significant difference has been reported between the tensile properties of GT-KO and wild-tissue \[[@bib66]\].

Gauging the mechanical properties of various materials against native heart valve tissues suggests that many classes of materials can indeed surpass the *static* mechanical properties of heart tissues. Yet, this oversimplified comparison is highly misleading. Indeed, the majority of such materials fail to maintain their desirable mechanical properties under the demanding dynamic conditions in which heart valves operate. [Fig. 11](#fig11){ref-type="fig"} presents a comparison between modulus ($E_{e}$: elastin region, $E_{c}$: collagen region), strain at break ($\varepsilon_{b}$), ultimate strength ($\sigma_{b}$), and fracture energy ($G$) of various materials and heart valve tissues. For better clarification, all properties have been normalized to those of aortic wall in the axial direction at the root of the aortic valve.Fig. 11Comparing mechanical properties of hydrogels (A) and elastomers/plastics (B) with those of native heart tissues. The data points represent tensile modulus ($E$), tensile strength ($\sigma_{b}$), tensile strain at break ($\varepsilon_{b}$), and fracture energy ($G$) normalized to properties of the aortic wall in axial direction (logarithmic scale). *a*: axial, *c*: circumferential, *r*: radial, $E_{e}$: modulus of elastin region, $E_{c}$: modulus of collagen region. For aortic wall (a): *E*~*e*~ ​= ​140 ​kPa, *E*~*c*~ ​= ​1.72 ​MPa, *σ*~*b*~ ​= ​720 ​kPa, *ε*~*b*~ ​= ​86%, and *G* ​= ​250 ​J ​m^−2^.Fig. 11

Simple hydrogels, such as covalently crosslinked PAAm \[[@bib113]\] or ionically crosslinked alginate \[[@bib137]\], fail to offer adequate modulus, strength, or toughness. Tough hydrogels, such as DN \[[@bib211]\] or hybrid \[[@bib137]\] hydrogels, have considerably higher toughness and strain at break than heart tissues with comparable strength. However, their modulus (∼0.1--1 ​MPa) is lower than the circumferential modulus of heart tissues in the collagen phase ([Fig. 11](#fig11){ref-type="fig"}A). On the other hand, elastomers such as Lubrizol \[[@bib78]\], SIBS \[[@bib101]\], and P4HB \[[@bib107]\], as well as PTFE \[[@bib90],[@bib91],[@bib212]\], offer considerably higher mechanical properties compared to hydrogels and native heart tissues ([Fig. 11](#fig11){ref-type="fig"}B).

For better highlighting the complexity of material design for heart valves, [Fig. 12](#fig12){ref-type="fig"} compares the tensile mechanical properties of various materials that have been used for heart valve applications against native heart tissues. In [Fig. 12](#fig12){ref-type="fig"}, the mechanical properties of heart tissues span over a wide range, which reflects their anisotropic behavior. Again, elastomers such as PU and PHA exhibit superior mechanical properties compared to soft materials such as fibrins and collagen-based scaffolds. The static mechanical data such as those used to construct [Fig. 11](#fig11){ref-type="fig"}, [Fig. 12](#fig12){ref-type="fig"}, however, must be handled with caution. Indeed, any potential material that is being considered for the fabrication of new heart valves must be able to withstand long-term dynamic deformations under biological conditions. Hence, the combination of high toughness, strain at break, and strength only points to potential suitability of such materials.Fig. 12Mechanical properties of various materials (e.g. native valves \[[@bib142],[@bib172],[@bib213]\], PLA \[[@bib172]\], PHA \[[@bib142]\], PGS \[[@bib213],[@bib214]\], fibrin and collagen \[[@bib215],[@bib216]\], electrospun PGA \[[@bib217]\], and thermoplastic PU \[[@bib218]\]) used in fabrication of polymeric heart valves: Young\'s modulus versus ultimate stress at break (A) and Young\'s modulus versus elongation at break (B).Fig. 12

It should be highlighted that the tensile properties such as Young\'s elastic modulus ($E$) are related to the bending properties, that is, flexural stiffness ($\kappa$) as follows \[[@bib219]\]:$$\kappa = EI$$where \'$\text{I}$\' is the moment of inertia. For a simple beam, the flexural stiffness would be:$$\kappa = E\frac{wh^{3}}{12}$$in which \'$\text{w}$\' and \'$\text{h}$\' are width and thickness of the material. For soft materials, Young\'s modulus is small, which results in a subsequently small $\text{κ}$. Hence, to reach a desired flexural stiffness, thicker materials would be required. In contrast, for rigid materials with higher modulus, the valve should be constructed thinner to provide the same flexural stiffness. Making extremely thin valve leaflets could be a challenge in manufacturing and may also introduce more defects. Hence, understanding the tensile properties of the constituent materials of the artificial heart valve is essential for manufacturing. The flexural properties can also be directly determined through three-point bending \[[@bib220]\], cantilever bending \[[@bib221]\], and microindentation \[[@bib222]\], and their measurements would be beneficial to predict the flexural performance of the engineered heart valve.

The continuous cyclic stress applied to the heart valves caused by stretching, bending, and shear is the main source of mechanical fatigue and failure in artificial heart valves. Thus, significant attention must be paid to long-term viscoelastic and fatigue properties of materials used in engineered heart valves. As discussed earlier, the mechanical properties of heart valves are not the same in all directions (e.g. circumferential versus radial). Martin et al. \[[@bib223]\] demonstrated that by applying a high number of load/unload cycles on native heart valve tissues, the strain rate dependence decreased in both circumferential ([Fig. 13](#fig13){ref-type="fig"}A) and radial ([Fig. 13](#fig13){ref-type="fig"}B) directions. In other words, the viscous effects disappeared while the non-linear elasticity remained \[[@bib223]\]. Such viscoelastic properties may be found in synthetic elastomers such as thermoplastic polyurethanes ([Fig. 13](#fig13){ref-type="fig"}C) \[[@bib224]\], or even in some novel tough hydrogels ([Fig. 13](#fig13){ref-type="fig"}D) \[[@bib137]\]. Nevertheless, there is no non-biological material that could replace the self-healing trait for native heart valves.Fig. 13Cyclic load/unload performance of native heart valve in circumferential (A) and radial (B) directions \[[@bib223]\]. The cyclic behavior of (C) thermoplastic polyurethane \[[@bib224]\] and (D) a tough hybrid hydrogel \[[@bib137]\]. All figures were reprinted with permission from the publishers.Fig. 13

To better design and engineer an artificial heart valve, it is essential to understand the complex stress regime that will be applied to it. In this domain, computational modeling is the only available analytical tool. Specifically, the fluid--structure interaction models can be extremely useful in the design and evaluating the mechanical performance of artificial heart valves ([Fig. 14](#fig14){ref-type="fig"}) \[[@bib225],[@bib226]\]. These models can predict the valve closure and mechanical deformation of the valves under simulated hemodynamic conditions. The mechanical properties of the suggested materials and various valvular designs could be used as inputs for these models. The simulation then will aid the researchers and engineers in assessing the performance of the artificial heart valves before *in vivo* studies.Fig. 14Computational modeling of heart valves. Stress distribution in the mitral leaflets at peak systole (A) \[[@bib225]\], velocity streamlines in the mitral valve at peak systole (B) \[[@bib225]\], circumferential and radial strains in the loaded configuration in a tissue-engineered pulmonary valve upon variations in cell contractility (C) \[[@bib226]\], and the predicted valve closure in diastole as a function of contractility (D) \[[@bib226]\]. The simulations were performed using the commercial finite-element package Abaqus/Explicit. All figures were reprinted with permission from the publishers.Fig. 14

It is also important to note that healthy heart tissues can recover at the molecular level. Most synthetic materials, on the other hand, do not exhibit any mechanism for recovery, meaning that after extreme deformation, their performance may deteriorate beyond repair. The recent advancements in developing materials, such as crosslinked hydrogels, with dynamic interchain bonding may assist in addressing the need for recovery of synthetic materials after deformation. Such self-healing materials benefit from one or more types of dynamic bondings such as hydrogen bonds \[[@bib227], [@bib228], [@bib229]\], ionic interactions \[[@bib137],[@bib230]\], or hydrophobic interactions \[[@bib231]\]. Yet, many fundamental questions still remain to be addressed to enable employing self-healing materials for heart valve applications. For instance, the rate of recovery must be comparable with the deformation induced in the material.

Very recently, Xeltis has made promising advances in developing a completely polymer-based platform (RestoreX) for the restoration of endogenous tissue using electrospun bioabsorbable bis-urea modified polycarbonate \[[@bib145]\]. This technology conceptually relies on the regrowth of tissue through the fibrous structure of the bioabsorbable implant to eventually replace the valved conduit altogether. The implanted valves will initially have adequate mechanical properties to function as an artificial valve but will degrade over time while the tissue is growing through the construct. Through a small-scale clinical trial on pediatric patients, the Xeltis team were able to demonstrate the safety and 12-month survival rate of the subjects. Further clinical studies aim to test the efficacy and device failure rate in both short- and long-term, and the outcomes are yet to be released.

Most materials used for heart valves in preclinical studies were fabricated by either casting or electrospinning (see [Table 3](#tbl3){ref-type="table"}). While additive manufacturing such as 3D printing promises ample opportunities, still there are several challenges to prepare this method of fabrication for preclinical studies. The stackability of most bioinks for complex geometries such as a heart valve is still not great and demands more studies. On the other hand, the ability to print various types of cells while printing the scaffolds can provide multiple degrees of freedom for engineering the scaffold with certain cells. Additionally, additive manufacturing of heart valves will offer the opportunity of fabricating patient-specific heart valves. In principle, additive manufacturing is better suited for generating heterogeneous constructs compared to molding and electrospinning. The layer-by-layer nature of additive manufacturing can assist in creating highly anisotropic structures by 3D printing different materials at each layer and controlling the direction of printing, which will resemble the overall multilayered architecture of heart valves. For this purpose, the rheological properties of bioinks must be finely tuned to enable 3D fabrication of valve constructs at high resolutions.

6. Conclusions {#sec6}
==============

There is an urgent need for developing alternative heart valves to overcome long-term stability and biocompatibility issues that are associated with artificial heart valves. This review demonstrates that while a broad range of materials and fabrication technologies have been developed and attempted for designing novel artificial heart valves, this field is still underdeveloped. Currently, the main clinical treatments are still limited to the mechanical and bioprosthetic valves. While there are many categories of polymeric materials with \'static\' mechanical properties exceeding those of native heart tissues, very few polymeric, artificial valves, such as RestorX by Xeltis, have reached pre-clinical trials. The slow progress in this area is the results of valves' highly demanding mechanical and biological requirements, the complex and anisotropic geometries of valves, and the lack of self-recovery in artificial materials. In the light of recent progresses made in materials sciences, particularly tough and processable hydrogels, it is anticipated that in future various inks can be designed to take advantage of additive manufacturing to construct personalized heart valve with anisotropic properties. Innovative electrospinning methods can also be utilized to create highly complex and hybrid constructs resembling the geometry of heart valves. Nevertheless, the main challenge faced by material engineers will be to create new, processable, self-healing materials that can offer adequate mechanical properties for highly \'dynamic\' biological environments. While various self-healing materials have been developed, none so far have been used for fabrication of heart valves. Moreover, in the case of congenital heart disease, it would be ideal to create a construct that enables size adoption to minimize the number of surgical operations for young patients.
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